Ultrasound-modulated optical tomography enables sharp 3D optical imaging of tissues and other turbid media, but the light modulation signals are hard to sensitively measure. A common solution, involving photorefractive crystals, enables the measurement of a relatively slow and low-spatial-resolution signal tracking the envelope of the ultrasound wave. We reexamine the photorefractive detection principle both intuitively and quantitatively, and from this analysis we predict that the photodetector should additionally see a fast response at twice the ultrasound frequency, and correspondingly high spatial frequency. The fast and slow response usually have similar amplitudes and reveal complementary information, thus allowing ultrasound-modulated optical tomography to create dramatically sharper tomographic images under the same measurement conditions, integration time, and experimental complexity.
INTRODUCTION
Ultrasound-modulated optical tomography [1], also called acousto-optic tomography or acousto-optic imaging, is an emerging medical imaging technology promising a uniquely appealing combination of features, including high spatial resolution (< 1mm 3 ), deep penetration ( 1cm), sensitivity to visible texture (light scattering and refractive index contrast, unlike photoacoustic tomography which is limited to light absorption contrast), excellent safety profile (non-invasive, no contrast agents, no ionizing radiation), and a path to low-cost, even portable, equipment.
In ultrasound-modulated optical tomography, one sends laser light (typically near-infrared) and ultrasound simultaneously into a tissue. The two waves interact inside the tissue (Sec. A below), with the effect that the light exiting the tissue is amplitudemodulated and phase-modulated at the ultrasound frequency. The amount of light modulation is the signal to be measured in this technique. This modulation signal is especially useful because it inherits the spatial resolution of ultrasound-which for example can be focused to small points deep inside the tissue and scanned around-while still maintaining the image contrast of light, including distinguishing subtle properties of soft tissues without contrast agents, and measuring blood volume, flow, and oxygenation. Light by itself (diffuse optical tomography) has comparatively poor spatial resolution because of scattering by the tissue-to get appreciable depth, it is often necessary to use photons that have been scattered hundreds of times inside the tissue.
One of the principal challenges in implementing ultrasoundmodulated optical tomography is detecting the light modulation signal. Unfortunately, light exits the tissue in a diffuse, high-étendue, laser speckle pattern. Thus the most naive approach-collecting lots of light into a large-area fast detector, and watching its output for modulation at the ultrasound frequency-works quite poorly. There are many speckles entering the detector, and they are modulated with different phases, with some getting brighter at the same time as others are getting dimmer, and thus the speckles largely cancel each other out.
To work around this issue, a wide variety of alternative approaches have been explored, including small detectors [2] , CCD or CMOS imaging detectors [3] , narrowband filters [4, 5] , and many others [1]. However, challenges remain in combining very high detector étendue (i.e. collecting many photons), reasonable cost and convenience, high SNR, and compatibility with fast, high-bandwidth measurements, such as in Ref. [6] .
One of the most promising and widely-used detection methods is photorefractive detection [7] [8] [9] [10] , as shown in Fig. 1 . In this technique, the outgoing speckle pattern passes through a photorefractive crystal. Meanwhile a "reference beam" light source passes through the same photorefractive crystal. In the configuration we discuss in this paper, the reference beam is at the same frequency as the laser illuminating the tissue. (This is not the only possible photorefractive detection configuration [8, 11] , but it is most appropriate for fast, high-bandwidth measurements.) As discussed below, the reference beam and the speckle pattern undergo two-wave mixing, and this leads to a signal indicating the amount of ultrasound modulation. In Fig. 1. (a) Schematic block diagram of the photorefractive detection system. A CW laser illuminates a tissue, creating a speckle pattern of scattered light. This is overlapped with a reference beam in a photorefractive crystal, and then a photodetector integrates the total light power received. photorefractive detection, unlike the naive approach mentioned above, the different speckles do not cancel each other out, and therefore a large-area detector can be used without reducing the relative strength of the modulation signal.
In previous work [6, 8, 12] , photorefractive detection has been treated as having a spatial resolution equal to the envelope of the ultrasound wave. We will argue that if a faster optical detector is used (much faster than the ultrasound frequency), then the spatial resolution has much finer structure, as in Fig. 2 , associated with oscillations at the second harmonic of the ultrasound frequency. In many situations, these signals are beneficial to measure: they can reveal very small features and sharp edges (see Fig. 2 ); higher-frequency signals are often easier to detect over background; higher-frequency signals offer more data channels per unit time; the fast and slow signals can be measured simultaneously with little extra effort, enabling measurement of both large-scale and small-scale structure; and for technical reasons discussed below, the high-frequency signal can sometimes have a somewhat different image contrast than the low-frequncy signal, such that we can make certain features stand out (Sec. 4 below).
A. Nonlinear modulation vs. nonlinear detection
Photorefractive detection, as we describe it here, involves the nonlinear detection of a linear acousto-optic modulation signal, and we will find that the second-harmonic signal discussed in this paper appears in the lowest order of perturbation theory. This topic should thus be distinguished from nonlinear modulation of light in the tissue. Examples of the latter include purely acoustic second-harmonic generation-when the acoustic amplitude is sufficiently strong that the tissue's mechanical response is anharmonic-or acousto-optic second-harmonic generation-when the acousto-optic interaction is sufficiently strong that the light modulation is anharmonic. Example of nonlinear modulation include Refs. [13, 14] , in which second-harmonic signals in ultrasound-modulated optical tomography were seen in CCD-based measurements.
Nonlinear modulation offers intriguing potential applications, particularly with focused ultrasound, but is weaker than the main signal at the ultrasound frequency. Photorefractive detection offers an exciting avenue because, regardless of ultrasound intensity, we predict a second-harmonic signal with similar amplitude to the slow envelope signal-and experience shows that the latter can be measured even at high speeds with unfocused beams [6] .
To the extent that nonlinear modulation occurs, a photore- with v sound = 1.5km/s, as it travels through the medium. Bottom: If this wave is used for ultrasound-modulated optical tomography with photorefractive detection, under typical operating conditions (Sec. A), we will argue that the spatial sensitivity at each moment is approximately as shown by the solid blue line. If the detector is too slow to measure the fast oscillations, the spatial sensitivity would instead be the dashed line, as in previous work.
fractive detector would see it as a fourth harmonic signal.
QUALITATIVE EXPLANATION

A. Index effect vs. displacement effect
We predict that the strength and presence of the secondharmonic signal depends critically on the phase relation between an ultrasound wave and the optical modulation it induces. Having a consistent, predictable phase relation is critical to ensuring that the signal adds coherently, rather than randomly, over all the different light paths meandering through the highly-scattering tissue.
Previous work [15, 16] has identified two mechanisms by which ultrasound modulates light, each with a different phase relation. The first mechanism is the index effect, wherein the pressure of the sound wave changes the refractive index of the water in the tissue (piezo-optic effect), which in turn changes the optical phase of light passing through that region of tissue. The second is the displacement effect, where the light-scattering structures in the tissue move back and forth at the ultrasound frequency.
As shown in Fig. 3 , the two mechanisms lead to different optical modulation phases, and indeed, if both are present equally, they tend to create equal and opposite second-harmonic signals that cancel out in a photorefractive detection system.
However, for typical tissue parameters and ultrasound frequencies, the two mechanisms are not present equally; instead, the index effect predominates over the displacement effect [15, 16] . For example, for tissue with light scattering coefficient 1mm −1 , the index effect is predicted to account for 2 3 of the total light modulation with 500kHz ultrasound, 3 4 with 1MHz ultrasound, and increasing towards 100% at higher frequency. (More generally, for water-based media, the index effect predominates by at least a 2:1 ratio on condition that the ultrasound wavelength λ US < 2l, where l is the mean free path for photon scattering [15, 16] .) 
B. Two-wave mixing
A photorefractive crystal has the defining property that the crystal's refractive index changes in response to how much light intensity is at any given point. This gives rise to "two-wave mixing" [8, [17] [18] [19] . In this phenomenon, two light beams of the same wavelength shine into the crystal. The interference pattern between these two beams produces peaks and nulls of intensity within the crystal, which in turn creates a volumetric diffraction grating in the crystal. This grating diffracts each beam into the spatial mode of the other beam. In this case, one of the "beams" is a complicated laser speckle pattern, but the principle still works: the volume grating diffracts light from the reference beam into the complicated laser speckle spatial profile, and vice-versa.
Referring to Fig. 4 , there is interference between the diffracted reference beam and the transmitted scattered light traveling to the photodetector, and there is also interference between the transmitted reference beam and diffracted scattered light traveling to the beam dump. For definiteness, we will assume that the former interference is constructive, and hence (by conservation of energy) that the latter interference is destructive. This case corresponds to positive gain for the scattered light, i.e. transfer of power from the reference to the scattered light paths. In general, the sign of gain, and correspondingly the choice of which of the beams is amplified and which is depleted, depends on the detailed mechanism of photorefraction, including the crystallographic axis, beam propagation directions, and direction of the electric field applied across the crystal (if any) [20] . If we instead made the opposite assumption, i.e. transfer of power into the reference beam, the system would still work, but some signs would be flipped in the discussion below, e.g. the presence of ultrasound would tend to increase, rather than decrease, the photodetector signal.
What makes two-wave mixing particularly useful for our purposes is that the crystal's photorefractive response time, τ PR , is much slower than the ultrasound frequency. Therefore the diffracted reference beam is not quite a copy of the speckle pattern exiting the tissue, but rather a time-averaged copy of that speckle pattern. This is shown schematically in Fig. 3(i) , where a representative speckle exiting the tissue (red dot) is modulated, while the corresponding diffracted speckle from the reference beam (dashed line) stays stationary. The time-averaged copy enables "change detection" for the light: We are essentially comparing the speckle pattern to its time-averaged copy, and if they are very different, we infer that the light is being strongly modulated by the ultrasound.
C. Mode overlap determines output signal
A key aspect of the photorefractive detection method is the interference between the transmitted scattered light and the diffracted reference beam. Each beam by itself has an approximately fixed total power, but to the extent that the two beams interfere, it sends more power to the photodetector and less power to the beam dump ( Fig. 4) .
If both beams are static for a long time compared to τ PR , then a properly-configured photorefractive crystal will naturally develop an index profile that maximizes interference, such that the beams are maximally in phase and overlapped. This maximizes the power to the photodetector, and minimizes the signal to the beam dump of Fig. 4 . However, if the scattered light is modulated by the ultrasound, its phase and amplitude profile will not perfectly match the diffracted reference beam, so the interference will be less effective, and the photodetector will see less light. This phenomenon is part of Fig. 3 : the more the speckles are altered from their time-averaged pattern ( Fig. 3(i) ), the less power is detected ( Fig. 3(iv) ).
As stated above, two interfering waves convey maximum power when they are in phase and have matching spatial profiles. This familiar fact from wave mechanics can be mathematically proven by writing [8] :
where Re E S (r)e −iω 0 t is the electric field of the transmitted scattered light in Fig. 4 ; Re E D (r)e −iω 0 t is the electric field of the diffracted reference beam in Fig. 4 ; and C ≡ d 2 r |E S (r)| 2 + d 2 r |E D (r)| 2 is a constant approximately independent of the presence or absence of ultrasound. Now we invoke the Cauchy-Schwarz inequality:
If E S and E D have the same phase profile and spatial mode, i.e. if E S (r) E D (r) is the same positive constant everywhere, then the photodetector signal is maximized. If E S and E D are mis-matched at all, the photodetector signal goes down.
As shown in Fig. 3(iv) , the presence of ultrasound both decreases the time-averaged photodetector signal, and causes a fast modulation at twice the ultrasound frequency. The former is the familiar slow signal whose spatial sensitivity tracks the envelope of the ultrasound wave; the latter is the subject of this article.
QUANTITATIVE DERIVATION
As above, we say ω 0 is the laser frequency and ω US is the ultrasound frequency (assumed monochromatic for simplicity). We write the scattered field (i.e. the speckle pattern coming out of the tissue) as Re E S (r e , t)e −iω 0 t , where E S is a complex amplitude and r e is any point in the exterior of the tissue where the light exits as a speckle pattern. It will be most convenient to set r e to points on the photodetector surface, in which case E S incorporates the effects of passing the photorefractive crystal, i.e. some absorptive and diffractive loss, both usually small in practice [8] . To simplify the descriptions, we neglect speckle decorrelation, i.e. we assume that E S (r e , t) depends on time only because of the presence of ultrasound, and not because of blood flow or other motion. (Photorefractive detection continues to work in the presence of speckle decorrelation, but the signal strength goes down when the speckle decorrelation time is shorter than the photorefractive response time τ PR . In practice, sub-millisecond values of τ PR are known to be feasible [21] , and this is sufficiently low for most in vivo applications.)
The ultrasound wave inside the tissue creates local pressure change P(r i , t) and local displacement D(r i , t), where t is time and r i is a point inside the tissue. For example, a plane wave would have P(r i , t) = P 0 cos (k · r i − ω US t), D(r i , t) = P 0 Z US ω US sin (k · r i − ω US t), where Z US is the specific acoustic impedance (note that the displacement is 90 • out of phase with the pressure change). Then the effect of the ultrasound can be written using Green's functions as:
where E S,0 is the field in the absence of ultrasound; G n is the index-effect Green's function, defined such that a unit change of pressure at the point r i in the tissue causes an optical field amplitude change of G n (r i , r e ) in the speckle pattern, at the point r e external to the tissue; and G d is the displacement-effect Green's function defined analogously. Eq. (3) is a first-order approximation, i.e. assuming that the ultrasound only modestly changes the light flow patterns. This is usually reasonable, and see Sec. A for further discussion. As mentioned above, we are ignoring blood flow and other motion, so G n and G d do not depend on time.
If we did not have a photorefractive crystal and reference beam, but instead just sent the scattered light into a single-pixel large-area photodetector, it would register an intensity fluctuation of:
As discussed in Sec. 1, this fluctuation ∆I is quite small: The ultrasound slightly changes photon phases and paths, but does not systematically change the total flux of photons exiting the tissue into the large detector area. (Indeed, if this modulation were not so small, there would be no need for the photorefractive crystal!) As described in [8] (see also Eq. (1)), under typical experimental conditions, the photodetector measures a quantity proportional to:
where E S,0 is proportional to the diffracted reference beam (Fig. 4) , which imitates a time-averaged version of the scattered light speckle pattern E S (Sec. B). In Eq. (4), there is a time-independent and ultrasoundindependent offset of 2 |E S,0 | 2 , which can be experimentally subtracted off by, for example, comparing the signal with and without ultrasound [8] . Discarding that, we are left with:
To simplify this, first we ignore the small quantity ∆I(t), then we note that the quantities G n (r i , r e ) and G d (r i , r e ) are statistically uncorrelated (have a random phase relation). This leads to:
Next we try to simplify: d 3 r i G n (r i , r e )P(r i , t) 2 = d 3 r i d 3 r i G n (r i , r e )P(r i , t)G * n (r i , r e )P(r i , t)
Under typical circumstances, the statistical correlation between G n (r i , r e ) and G n (r i , r e ) smoothly decays to zero with increasing r i − r i , which leads to: d 3 r i G n (r i , r e )P(r i , t) 2 = B n d 3 r i |G n (r i , r e )| 2 P 2 (r i , t)
where B n = d 3 r i P(r i ) G n (r i ,r e )G * n (r i ,r e ) P(r i ) |Gn(r i ,r e )| 2 is roughly the ratio of ultrasound pressure averaged over a sphere centered at a point to pressure at the center of that sphere, where the sphere size corresponds to the autocorrelation length of G n mentioned above. If the ultrasound waveform is approximately sinusoidal, B n will be approximately the same real constant at each point r i , although the constant will vary with ultrasound frequency, scattering coefficient, and other parameters. The G d case is similar, so the end result is: Signal(t) ∝ − d 2 r e d 3 r i B n |G n (r i , r e )| 2 P 2 (r i , t)
Define the total modulation M (M n for index effect and M d for displacement effect) by M n (r i ) ≡ B n d 2 r e |G n (r i , r e )| 2 M d (r i ) ≡ B d d 2 r e |G d (r i , r e )| 2 Mapping these quantities is an end-goal of ultrasoundmodulated optical tomography, as they reveal information about how much light passes through each point r i , how much light scattering is happening at that point, how much water content is at that point, and so on. We have:
Finally, we take the simple example of a monochromatic ultrasound plane wave in a uniform infinite medium: P(r i , t) = P 0 cos (k · r i − ω US t) and D(r i , t) =
